Abstract. For real-time optoacoustic imaging of the human body, a linear array transducer and reflection mode optical irradiation is preferably used. Experimental outcomes however revealed that such a setup results in significant image background, which prevents imaging structures at the ultimate depth limited only by the optical attenuation of the irradiating light and the signal noise level. Various sources of image background, such as bulk tissue absorption, reconstruction artifacts, and backscattered ultrasound, could be identified. To overcome these limitations, we developed a novel method that results in significantly reduced background and increased imaging depth. For this purpose, we acquire, in parallel, a series of optoacoustic and echo-ultrasound images while the tissue sample is gradually deformed by an externally applied force. Optoacoustic signals and background signals are differently affected by the deformation and can thus be distinguished by image processing. This method takes advantage of a combined optoacoustic/echo-ultrasound device and has a strong potential for improving real-time optoacoustic imaging of deep tissue structures.
Introduction
Optoacoustic ͑OA͒ imaging is a novel imaging technique with great promise for diagnostics of early cancer, cancer metastasis, and vascular skin diseases. [1] [2] [3] [4] The ultimate imaging depth achievable with OA imaging is determined by the effective optical attenuation coefficient of the tissue and by thermal noise. Strong attenuation of the irradiating light results in low sensitivity for deep tissue structures. The optical penetration depth in, e.g., breast tissue, obtained with near-infrared irradiation, is 1 cm, corresponding to an effective optical attenuation coefficient of 1 cm −1 . 5 The resulting ultimate imaging depth was reported to be as large as 3, 4,6 4, 7 or 5 cm, 8 or even beyond. 9 This covers the range where most breast tumors are found.
Although promising results have been achieved in OA imaging of superficial tissue structures both in small animals and humans, [1] [2] [3] [10] [11] [12] [13] [14] [15] [16] deep OA imaging remains a challenge. The first results of breast cancer imaging in vivo were achieved using a transducer array placed in a hemicircle configuration and irradiating perpendicular to the circle plane. 17, 18 This setup is however strongly specialized for breast imaging, where optical irradiation and acoustic detection on opposite sides of the tissue sample is feasible. For imaging most other parts of the human body, reflection mode OA imaging is generally preferred, where the tissue is irradiated from the same side where OA signals are detected. Reflection mode imaging has the intrinsic advantage of its versatility in imaging different parts of the body using the same device. Although the ultimate imaging depth does not depend on the mode of irradiation and detection, clinical results of deep OA imaging in reflection mode have not been reported. We have demonstrated that rather than by noise, the imaging depth in reflection mode OA imaging is limited by other, nonstochastic sources of image background. Three main sources of background were identified, 19, 20 namely, optical absorption in the bulk tissue, reconstruction artifacts, and acoustic echoes. In contrast to thermal noise, these sources of background lead to a systematic background, which cannot be reduced by averaging. Only in the case where echo background is caused by a sparse distribution of point-shaped acoustic inhomogeneities can it be iteratively reduced in a regularization approach. 21 Real human tissue, however, shows a dense structure of acoustic inhomogeneities, which results in speckle patterns well known from echo-ultrasound imaging.
In this paper, we theoretically and experimentally investigate a novel optoacoustic detection method that allows one to efficiently reduce echo background, independent on the density of acoustic backscatterers, bulk tissue absorption background, as well as reconstruction artifacts. This method is based on the correlation of optoacoustic images obtained in series from the same tissue sample while the tissue is slightly deformed ͑e.g., when mechanical stress is exerted using the transducer͒. The deformation leads to a relative displacement of tissue structures between consecutive OA images. This does affect background and true OA sources differently, thus making it possible for separating them by numerical methods. We propose displacement-compensated averaging ͑DCA͒ of consecutive OA images for separating image and background in real time and show that using this method image contrast is significantly improved.
Theory
We consider the OA imaging setup illustrated in Fig. 1͑a͒ . A linear array transducer is acoustically coupled to the surface of the investigated tissue sample. The tissue sample is irradiated through two line profiles, located on either side parallel to the ultrasound transducer array axis. The resulting fluence distribution in the y-z plane shown in Fig. 1͑b͒ is determined by the optical properties of the tissue. The sensitive part of the array transducer is a line of typically 64-128 single pressure sensors parallel to the x-axis. The shape of the pressure sensors, together with a cylindrical acoustic lens placed in front of the array, results in a narrow main lobe of the transducer's elevations angular sensitivity. Therefore, mainly acoustic sources located in a thin tissue slice, spanned by the transducer array axis x and the depth axis z, are imaged.
Image Background
Three main sources of image background in OA images had been defined.
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Bulk tissue background
Bulk tissue background results from irradiating the tissue through surface areas located at a distance d outside the transducer aperture ͓Fig. 1͑b͔͒. Local spatial fluctuations in the absorption coefficient abs of the bulk tissue below the irradiated areas result in OA transients. These transients lead to a significant signal even though the irradiated areas are located outside the imaging plane, where the transducers elevations angular sensitivity is low. The reason is that transients originating within the imaging plane at depth z equal to d, which are detected at the same time with bulk tissue transients, are much weaker due to strong attenuation of light with increasing distance from the irradiated areas. Therefore, if the fluence at depth z = d is small enough compared to the surface fluence, a structure located at that depth within the imaging plane is obscured by the image background originating from the irradiation areas. Figure 2͑a͒ shows bulk tissue background in an experimental OA image of three ink-filled tubes embedded in a pork kidney. The tubes are oriented perpendicular to the imaging plane, thus the cross section of a tube shows up as a dark spot, whereas bulk tissue background appears as a dark "cloud" below 10 mm depth, corresponding to the distance between the array and the irradiation line profiles. The deepest tube is totally obscured by that background.
Echo background
The strong OA transient generated by the high local fluence just below the irradiated area not only propagates straight to the transducer, causing bulk tissue background, but also propagates into the tissue where it gets backscattered from acoustic inhomogeneities ͓see Fig. 1͑b͔͒ . Part of the backscattered transient propagates back into the transducer aperture and generates an echo signal, which can be as strong as an OA signal directly generated by deeply embedded absorbing structures. 20, 21 Because the acoustic transient causing an echo is generated at the tissue surface, the echo occurs in the OA image as if Fig. 1 ͑a͒ Setup for OA imaging in reflection mode with a commercial ultrasound array transducer and irradiation optics in a combined transducer head. ͑b͒ The transducer shows a narrow reception lobe in elevational direction for imaging of a thin tissue slice, spanned by the transducers axial direction ͑z͒ and by the array axis ͑x͒. A tumor located deep inside the tissue leads to a weak signal, compared to background signals originating from below the irradiated surface where the laser fluence is high ͑bulk tissue background͒. Transients generated at the tissue surface additionally lead to echoes when backscattered by acoustic inhomogeneities ͑echo background͒. generated at twice the depth z ac of where the acoustic scatterer is located. Feeding the OA signal data into a reconstruction algorithm designed for pulse-echo imaging, echo background is identified when the resulting image shows features that are also found in a true pulse-echo image. An example of imaging a pork kidney is presented in Fig. 2͑b͒ . Strong echo background is caused by the medulla and pelvis. For reconstruction of the echo image from the OA signals ͑OA-echo͒, the Fourier algorithm for echo ultrasound imaging described in Ref. 21 was used.
Grating artifact background
Reconstruction artifacts from different OA sources superpose to a quasi random background image. Prominent artifacts result from the grating structure of the array transducer, known in echo ultrasound as grating artifacts ͓see the inset in Fig.  2͑c͔͒ . These artifacts can be disturbing in OA images that show a large dynamic range of the gray level corresponding to the fluence distribution. Grating artifacts spread from the image of a subsurface structure and obscure structures located deep inside the tissue, which absorb orders of magnitude of less light. Figure 2͑c͒ also shows an OA image of ink-filled tubes embedded in a pork kidney. Because this kidney contained less blood than the one used for Fig. 2͑a͒ , bulk tissue background is less pronounced. In addition, the threshold of the image gray level was set to a smaller value in order to accentuate grating artifacts.
Displacement Compensated Averaging
An externally applied force leads to tissue deformation. OA sources are displaced relative to the imaging transducer. We require a sticky boundary condition at the interface between transducer and tissue surface. Then the relative displacement is spatially dependent, as shown in Fig. 3 . We propose a shear deformation of the tissue parallel to the transducer array axis, which leads to a local lateral displacement proportional to the depth z. More generally speaking, the local tissue displacement relative to the transducer is described by a threedimensional ͑3-D͒ vector field v͑x , y , z͒ = ͑ x , y , z ͒. The tissue deformation is assumed parallel to the x-z plane, such that Fig. 2 Sources of background in OA images obtained from a pork kidney. Images were obtained using the setup described in the materials and methods section, and the reconstruction algorithm described in Ref. 23 . ͑a͒ Bulk tissue absorption leads to significant background in the reconstructed image below 10 mm depth, corresponding to the distance between the irradiated surface area and the array axis. Of the three embedded artificial vessels ͑dark spots͒, the deepest one ͑location indicated by gray circle͒ is totally obscured. ͑b͒ Acoustic transients originating from the surface tissue layer are backscattered and lead to bow-shaped background patterns in the OA image. The nature of echo background becomes obvious if the OA signals are fed into an echo-ultrasound reconstruction algorithm. The resulting image ͑OA-echo͒ shows similar features as a true echo image ͑pulse-echo͒ acquired at the same location. ͑c͒ Grating artifacts show up as bow-shaped "clouds" ͑indicated by a dashed line͒ both in OA and echo images.
Fig. 3
Sketch showing the relative displacement of tissue structures located at different depths during shear deformation. An absorbing tumor ͑OA source͒ located at a certain depth inside a human breast is displaced within the OA image, while the whole breast is deformed applying shear stress to its surface. An acoustic inhomogeneity ͑echo source͒ located at half the depth generates an echo of the strong transient originating from the irradiated tissue surface. This echo appears in the OA image as a small cloud at the same depth as the OA source. It is, however, displaced less than the OA source, because the source of the echo is located at half the depth. y ͑x , y =0,z͒ is negligible ͑i.e., no out-of-plane motion of tissue structures occurs͒. In a first step, OA images without background are considered. The OA sources visible in the image are all located in the imaging plane ͑x , y =0,z͒. Because the out-of-plane motion is assumed to be zero, the preand postdeformation OA images u and uЈ are related by a linear transformation V uЈ = Vu,
The transformation operator V shifts the portion of the image u at the position ͑x , z͒ by the vector ͑ x , z ͒ x,y=0,z to the new position ͑xЈ , zЈ͒ in the image uЈ. The second line in eq. ͑1͒ states that the predeformation image u is again obtained if the postdeformation image uЈ is compensated for the spatially dependent displacements. V −1 is the transformation, which shifts each point ͑xЈ , zЈ͒ in the image back to the corresponding original position ͑x , z͒. Now image background is considered. The acquired OA image u can be defined as a superposition of a foreground image assuming no background u 0 , and the background ⌬u
͑2͒
In general, the background is not transformed in the same way as the foreground image. This is explained for the special case where a shear deformation is considered as follows:
1. Echo background: A true OA source, located at position ͑x , z͒ in the image plane of the transducer, is displaced by v͑x , y =0,z͒. An echo reconstructed at the same position ͑x , z͒ is displaced by the same amount as the acoustic scatterer from which it emerges. The acoustic scatterer is located at half the depth z / 2 and therefore displaced only by v͑x , y =0,z / 2͒. If the displacement is proportional to z, then the echo background is displaced by only half the amount of the displacement of the OA source ͑see Fig. 3͒ .
Bulk tissue background:
The true depth of the background source ͑which is located directly below the irradiated surface area͒ is much smaller than the apparent depth z equal to the distance d between irradiation area and transducer array axis. Therefore, the displacement of bulk tissue background is much smaller than the displacement of OA sources truly located at depth z.
3. Grating artifact background: The grating artifacts spreading out from a pointlike OA source located at depth z 1 are displaced by the same amount as the OA source itself. Therefore, the artifacts are displaced differently than a second OA source located at depth z 2 Ͼ z 1 . Within certain limits ͑which will be discussed in Sec. 5͒, it may be assumed that the deformation of the background from ⌬u to ⌬uЈ is described by a linear transformation, similar to the first line in Eq. ͑1͒, ⌬uЈ = B⌬u,
If the postdeformation image uЈ with background is compensated for the spatially dependent shift as in Eq. ͑1͒, then the result is
͑4͒
Because the background is not transformed in the same way as the foreground, V k −1 B k E, where E is the identity, the displacement of the background is not correctly compensated for. In displacement compensated averaging ͑DCA͒, the OA images u k obtained after k incremental tissue deformations are all compensated for the displacement V k relative to the first image, and then averaged, 
where ⌬u 2 is the local variance of the background image amplitude. Equation ͑5͒ states that the standard deviation of the displacement-compensated and averaged background is decreased with increasing number of images N. In the image region, where the difference in the incremental displacement of foreground and background is larger than the width of the background autocorrelation function, the successive displacement-compensated background images are decorrelated. Therefore, the background is reduced inversely proportional to the square root of N. In an experiment, the vector field ͑ x , z ͒ x,y=0,z can be determined from echo-ultrasound images acquired in parallel with OA images. The displacement of the speckle pattern in the echo images reflects the tissue displacement, which can therefore be estimated using a speckle tracking technique.
Background can be even further reduced if both the foreground transformation V and the background transformation B are known. For this purpose, the background ⌬u itself is reconstructed in a first step, using the DCA method involving the inverse transformation B −1 . The reconstructed background is then subtracted from each image u k . In a second step, DCA involving V −1 is applied to the background-adjusted images, yielding an enhanced DCA ͑EDCA͒ reconstruction of the foreground image,
states that using the EDCA method, the original background is fully eliminated in theory. An estimation error of u 0 is introduced, determined by the local variance u0 2 of u 0 . The merit of the EDCA method is that this estimation error is always smaller than the amplitude of the foreground image.
The requirement for the DCA method is the knowledge of the displacement vector field in the imaging plane. For the EDCA method, the displacement vector field of the background is additionally required. This information can be derived from the foreground displacement, knowing the source of background ͑e.g., in case of echo background, the true depth of echo sources is half the apparent depth in the image͒. Using this information, the transformation operator B of the background can be derived from the transformation operator V of the foreground image. The limitations of this approach will be discussed in Sec. 5.
Materials and Methods
In a first step, we carefully evaluated and compared the DCA and EDCA methods in simulations in which only echo background was taken into consideration. The advantage of simulations as compared to experiments is that the actual local displacement of the tissue is known and the accuracy of the proposed method can be studied independent of the accuracy of the displacement estimation technique. A digital phantom ͑size x =40 mm, y =60 mm, z =30 mm͒ included a distribution of local spatial fluctuations of the acoustic impedance and four optically absorbing tumors with different shapes and at different locations. Figure 4͑a͒ shows a 2-D cross section of the tissue phantom at the location of the imaging plane, showing both the acoustic impedance ͑gray scale͒ and the OA sources ͑black͒. A 128-element linear array transducer was assumed with a tripolar impulse response with 7.5-MHz central frequency, element size 3 mm, and element pitch 0.3 mm. Direct OA, echo-ultrasound and echo background signals were simulated using 3-D Fourier forward algorithms. 20 Images were reconstructed using 2-D Fourier backward algorithms. 21, 23 A series of simulated images was obtained with the digital phantom undergoing incremental shear deformation. The transducer and the surface of the digital phantom were moved in steps of 0.6 mm from −3.6 to 3.6 mm parallel to the x-axis, while the bottom of the phantom ͑at 30 mm depth͒ was fixed. For the local displacement relative to the transducer, a linear function of depth z was assumed. Figure  4͑b͒ shows the simulated echo-ultrasound image obtained with the transducer positioned at −3.6 mm, and Fig. 4͑c͒ shows the image obtained with the transducer positioned at 3.6 mm. For presentation, both the echo-ultrasound and the OA images were postprocessed for ease of visual interpretation, by envelope detection using Hilbert transformation, by logarithmic compression, and thresholding. For DCA/EDCA, only unprocessed raw OA images were used because the proposed method is based on coherent averaging.
In a second step, a Sigma 5000 IMAGIC medical ultrasound system ͑Fukuda Denshi Switzerland AG, Basel͒ was used for the experiments. The software and hardware of the Sigma 5000 was adapted to alternately obtain ultrasound and OA images. A 10 s acquisition time of 64 parallel signal channels, sampled with 40 MHz, could be directly accessed for postprocessing, allowing for reconstruction of an OA image with each single laser pulse. We used a commercial linear array transducer ͑5-12LA͒ with central frequency of 7.5 MHz, element size 3 mm, and element pitch 0.3 mm. Given by the limited aperture and acquisition time, only a frame of 20 mm ͑x direction͒ by 15 mm ͑z direction͒ of the detected tissue slice was accessible for OA imaging. The depth position of this frame was controlled by the trigger delay between laser irradiation and signal acquisition start. For the generation of OA signals, a Q-switched Nd:YAG laser ͑Coherent, VersaPulse͒ at = 1064 nm was used ͑ =10 ns, E =60 mJ͒. The light was guided via a bifurcated fiber bundle with two line converters to irradiate the tissue on two line profiles at either side of the transducer. The minimum irradi-ated area on the tissue surface was 0.3 cm 2 , resulting in a maximum radiant exposure of 100 mJ/ cm 2 . The transducer and the irradiation optics were fixed in a specially designed transducer holder ͓Fig. 5͑a͔͒. The transducer holder was mounted to a setup including a microcontrolled translation stage for horizontal displacement of the transducer.
Different meat samples were evaluated as bulk tissue material for OA phantoms. Beef was used for the presented example because it contains pronounced echogenic structures and is acoustically transparent ͓Figs. 5͑b͒ and 5͑c͔͒. The meat sample was cut to a practical size ͑approximately 10ϫ 5 ϫ 4 cm 3 ͒, with the longest dimension perpendicular to the direction of the muscle fibers. During the experiments, the sample together with the transducer was wrapped into a thin plastic foil to avoid desiccation. Polyurethane ͑PU͒ catheter tubings ͑Access Technologies, Illinois͒ with 0.3 mm i.d. and 0.6 mm o.d. were used as artificial blood vessels ͓Fig 5͑a͔͒. Three pieces of polyurethane tubing were introduced into the phantom with the aid of a hollow needle with 1 mm i.d. The tubes were filled with 0.5% aqueous solutions India ink ͑Le-franc & Bourgeois, France͒. The absorption coefficient of the solution at 1064 nm was determined by transmission spectrometry to 7.9Ϯ 0.1 cm −1 . The effective optical attenuation coefficient of the meat sample was optoacoustically determined to 2 Ϯ 0.2 cm −1 . For this purpose, a disk-shaped black absorbing layer ͑radius 1 mm͒ was painted onto a cover slip and embedded between thin tissue slabs of varying thickness. The OA signal of the black layer was detected in transmission mode using a flat aperture single-element transducer developed in our group. 24 This allowed the effective attenuation coefficient to be derived directly from the relation between slab thickness and signal amplitude.
The array transducer was brought into contact to the sample surface via the transducer holder. The orientation of the array axis was chosen perpendicular to the orientation of the muscle fibers in order to provide a speckle pattern with minimum lateral speckle size in the echo-ultrasound images. The sample was slightly compressed to generate sufficient adhesive strength between the sample and transducer. Then, the transducer was horizontally moved in steps of 0.1 mm, from a relative horizontal position of −3 to + 3 mm. At each position, a pulse-echo image was acquired. Additionally, at each fifth step, an OA image was acquired. Therefore, in total a number of 13 OA images were acquired, at incremental displacement steps of 0.5 mm.
Although the local displacement vector field was known in the simulations, it had to be estimated in the experiment. For this purpose, the sequence of echo images was fed into a speckle tracking algorithm. The algorithm selected pronounced features in the first image and tracked them throughout the image sequence using correlation maximization. The local displacement was then linearly interpolated from the collection of speckle trajectories.
Results
The effect of the DCA method on image contrast of the simulated OA images is illustrated in Fig. 6 . In the directly reconstructed images obtained at the different surface displacements, only two OA sources are well recovered ͓indicated with gray arrows in Figs. 6͑a͒ and 6͑b͔͒ , while the other two are obscured by background. A comparison of the two images reveals the relative displacement of the visible OA sources in front of the background. All the images were compensated for the displacement relative to the first image and then averaged. This yields the image in Fig. 6͑c͒ . DCA leads to horizontal blurring of the background and, therefore, to an increased signal-to-background ratio. In that way, the two OA sources not visible in the direct images are recovered in the averaged image. Application of the EDCA method leads to even further reduction of the background ͓Fig. 6͑d͔͒. In order to quantitatively compare the contrast improvement obtained by the two methods, the background level was determined as a function of the number of images N used for processing ͓Figs. 6͑e͒ and 6͑f͔͒. For this purpose, the standard deviation of the image in a region located around the deepest tumor ͓indicated in Figs. 6͑c͒ and 6͑d͔͒ was calculated prior to the postprocessing steps ͑envelope detection, logarithmic compression, and thresholding͒.
The effect of the DCA method on image contrast of experimental OA images is illustrated in Figs. 7 and 8 . In the presented example, three artificial blood vessels were embedded in the meat sample in horizontal configuration at depth z Ϸ 24 mm and x = 7.5, 12, and 14 mm. The positions of the vessels are indicated in the echo-ultrasound image in Fig.  7͑a͒ . Figure 7͑b͒ shows the OA image obtained of the same tissue region. In order to decrease stochastic noise and accentuate nonstochastic background, 13 OA images were averaged. Both the echo-ultrasound and the averaged OA images were acquired at the starting surface displacement position of −3 mm. The vector field of the total local displacements between the first and last position, obtained from echo image speckle tracking, is visualized in Fig. 7͑c͒ . The total lateral displacement at the depth of the vessels was −5 mm. Because Fig. 6 Effect of the DCA method on image contrast in a simulation: ͑a͒ OA images with echo background at surface displacement −3.6 mm and ͑b͒ at surface displacement 3.6 mm. Gray arrows indicate constant positions in the two images and illustrate how the visible OA structures are displaced between the two images. ͑c͒ Displacement-compensated average of 13 images acquired at surface displacement steps of 0.6 mm. The DCA method leads to an image with increased contrast. Two OA structures initially obscured by echo background are recovered ͑indicated by white arrows͒. ͑d͒ Using the EDCA method, background is further reduced. ͑e͒ Normalized background level as a function of the number of images used for the DCA method. The background level is calculated as the standard deviation of the reconstructed image within the region denoted by dashed rectangles in ͑c͒. ͑e͒ Normalized background level when using the EDCA method, from the region denoted in ͑d͒. the transducer was shifted in positive direction, the local tissue displacement relative to the transducer was negative. Figure 8͑a͒ shows the DCA image obtained from 13 OA images acquired at 13 different surface displacement positions. In contrast to the image in Fig. 7͑b͒ , which was averaged from 13 images acquired at the same position, none of the images used for the DCA was averaged itself. Therefore, the DCA image in Fig. 8͑a͒ results from the same number of direct images as the average image in Fig. 7͑b͒ . In comparison to the image obtained at a constant position, the DCA image shows, however, strongly reduced background. This proves that true additional information is introduced by tissue deformation between consecutive images. The DCA method takes advantage of this information. Figure 8͑b͒ shows the image obtained with the EDCA method. EDCA reconstructs in a first step an image of the background. This background image is then subtracted from the OA images, giving an improved estimate of the foreground images already prior to DCA. The experimental result confirms that this procedure results in a much faster increase in contrast compared to applying the DCA directly for reconstruction of the foreground image. The displacement field used for reconstruction of the background is not a priori known and therefore determined from the displacement field of the foreground, based on the supposition of the main source of background. In the present example, the supposed main source of background was bulk tissue absorption directly below the irradiated tissue surface ͑z =0͒, where the displacement is zero. Thus, background was assumed motionless throughout the image sequence. Figure 8͑c͒ shows a combination of the EDCA image with the echo-ultrasound image from Fig. 7͑a͒ . The three artificial blood vessels are clearly recovered in the EDCA image.
Discussion
Both in simulation and experiment, the DCA method leads to OA images with strongly decreased background and, therefore, increased contrast and imaging depth. The EDCA method has proven the potential of further increasing contrast and imaging depth in agreement with theoretical expectations.
The quantitative analysis based on the simulation suggests that echo background can be reduced by an order of magnitude using EDCA of 13 consecutive OA images. In contrast to the theoretical expectation ͓see Eq. ͑6͔͒, echo background can however not be perfectly reduced using the EDCA method. This may be attributed to following point: The postulated relation between foreground and background displacement was a strong simplification. An acoustic point scatterer located at depth z and reconstructed at depth 2z does not show up as a point in the OA image, but as an arc, because the OA reconstruction algorithm leads to a defocused reconstruction of the point scatterer. The whole arc is displaced by the same amount as the point scatterer. When many arcs from scatterers located at slightly different depths intersect, an exact attribution of a displacement to the intersection point is not possible. Yet, if an effective optical attenuation coefficient of 2 cm −1 is assumed, the potential increase in imaging depth, corresponding to one order of magnitude background reduction, would be 1.2 cm.
EDCA of the experimental images was also based on a simple relation between the foreground and background displacement. In the case of bulk tissue background, which was assumed the main source of background in the experiment, such a simple relation does however not exist. OA sources reconstructed at position ͑x , z͒ in the image can be located anywhere on a circle with radius r = z around the transducer array axis. Bulk tissue signals originate mainly from the region located between the irradiated tissue surface and the penetration depth z eff =1/ eff of the irradiating light. In the presented experiment, eff was ϳ2 cm −1 , corresponding to z eff = 0.5 cm penetration depth. Assuming a linear dependence of the displacement from depth z, the displacement of the bulk tissue background can therefore range between 0 and −1 mm ͑total displacement at 30 mm depth is −6 mm͒. Therefore, two bulk tissue sources located at the same distance r from the transducer axis are reconstructed at the same depth z, but their individual displacement can vary within a range of 1 mm. The situation with grating artifact background is comparable. Depending on the depth of the source of the artifacts, the background is displaced differently.
The less significant improvement of the experimental result using EDCA as compared to DCA might result from these shortcomings. A more exact formulation of the EDCA method would, in the case of any background source, include the assumption of multiple background layers. The number of inde- pendent images needed to fulfill the requirement of additional information would grow with the number of assumed background layers. This might be a limitation to the proposed method when acquiring a large number of images with sufficient tissue strain is difficult.
A further important point influencing, especially, the quality of the experimental outcome of the EDCA method is decorrelation of the OA image background. Speckle patterns in echo-ultrasound images suffer decorrelation upon large tissue deformation. This is an advantage when images obtained from the same tissue structure, but in varying deformation states, are incoherently averaged ͑strain compounding 25, 26 ͒. Decorrelation of speckle then results in reduced gray-level variance in the averaged image and, therefore, in improved contrast between different tissue types. DCA is related to strain compounding in the sense that images obtained under varying deformation states are compensated for the local displacement and then averaged. However, in contrast to strain compounding, coherent averaging is needed in DCA ͑i.e., prior to envelope detection and logarithmic compression͒. Decorrelation of the OA background is even a disadvantage in EDCA because it limits the number of images that can be used for a consistent background reconstruction. Therefore, the potential contrast improvement obtained with EDCA, as compared to DCA, is limited. Fortunately, decorrelation is weak with the shear deformation proposed in this paper, compared to, e.g., axial compression used in elasticity imaging and strain compounding.
It must be mentioned that the quality of the experimental results is also influenced by the fact that only postprocessed ͑envelope detection, logarithmic compression͒ echoultrasound data were available for speckle tracking. Because the proposed method for background reduction is based on coherent averaging of raw OA images, errors in axial motion estimation can reduce the resulting signal-to-background ratio due to decorrelation of the shift-compensated OA images. Raw radio frequency ͑RF͒ beam-former data-based motion tracking as opposed to the envelope-based motion tracking would yield improved accuracy of axial motion estimation. 27 Therefore, using RF beam-former echo-ultrasound data instead of envelope data might result in improved images.
In spite of the abovementioned shortcomings, both simulation and experimental results demonstrate that the EDCA method with only one background layer leads to strongly increased image contrast, compared to the simple DCA method. The EDCA method presented in this paper has, moreover, the advantage of very low computational cost compared to any iterative solution of an exactly formulated inverse problem or compared to an EDCA method including multiple background images. The speckle tracking algorithm needed for displacement estimation is a crucial point in real-time application of the presented method. The presented experimental results were obtained with a very simple tracking algorithm. A number of 250 speckles in the echo-ultrasound image was tracked using simple maximum search. The consecutive echoultrasound images were acquired at sufficiently small displacement steps such that the displacement of the center of any speckle was always smaller than the speckle size itself. Only small image areas, slightly larger than a speckle, were then used for refining the initial displacement estimation using correlation maximization. Provided sufficiently fine displacement steps between echo-ultrasound image acquisitions, this approach avoids so-called peak-hopping artifacts without computational overhead and makes the tracking in real time capable.
In a combined echo-ultrasound/OA imaging device, the proposed DCA method might be implemented as follows: The physician conducts the transducer, visually guided by the realtime images. Out of the echo image, he chooses a region of interest using a steerable window, out of which the device extracts a number of speckles. While the examiner moves the transducer slightly back and forth in a free-hand approach, the device tracks these speckles. The displacement vector field is interpolated from the speckle displacement. The frame rate of the echo-ultrasound images would be typically 50 Hz. The frame rate of the OA images is determined by the pulse rate of the Q-switched laser ͑e.g., 10 Hz͒. Therefore, Five echoultrasound images can be acquired in-between consecutive OA images. The portion of the echo-ultrasound and OA image encountered within the chosen window is compensated for the local displacement obtained from the speckle tracking. The resulting image presented to the medical examiner appears motionless. A motionless image has the advantage of ease of interpretation. A disadvantage might be a loss of visual control over the transducer movement. Anyhow, any error in displacement estimation, caused by rapid transducer movement or speckle decorrelation due to out-of-plane motion, would immediately show up as strong distortion in the shiftcompensated echo-ultrasound image, which is good feedback for the examiner to reinitialize the procedure. If a moving echo image is preferred for better control of the transducer movement, the OA image might be compensated back for the actual total displacement after DCA processing. In that way, it is always well registered with the echo image. Therefore, the direction of displacement compensation proposed in this paper is not a limiting factor for the DCA method. The relation between foreground and background displacement velocities for the EDCA method might be determined by manually adjusting a sliding bar until the best result is obtained.
Real-time feedback was already found a key element for high contrast-to-noise ratio in elasticity imaging. 28 The realtime capability of the presented DCA/EDCA method and the applicability in a free-hand approach gives the medical examiner a visual feedback that guides the evaluation of various modes of transducer movements with direct control of the result. For reducing echo background, shear deformation should yield the best results in theory. A disadvantage of this mode of operation could be the difficulty of keeping a sticky boundary condition between the transducer and skin surface, particularly if ultrasound gel is used for acoustic coupling to the skin. Alternatively, tilting the transducer around the y-axis might yield comparable results. This mode of operation minimizes the shear force exerted on the skin surface, while a linear depth-dependent lateral displacement is maintained. For reduction of bulk tissue background and grating artifacts, vertical tissue compression ͑i.e., moving the transducer parallel to the depth axis͒ is an alternative mode of operation. In echo elasticity imaging, axial compression is the preferred way of inducing a spatially dependent tissue displacement because axial displacement can be estimated directly from the unprocessed beam-former RF signal with much higher accuracy than lateral displacement. 27 This could also be advantageous for the DCA method, and information already used for elasticity imaging can readily be incorporated in OA imaging. A disadvantage of this mode of operation for the DCA method might be the comparably small possible total displacement in axial direction and the susceptibility for out-of-plane motion.
Conclusion
The experimental results and our simulations revealed that our novel method allows one to strongly increase image contrast in OA images obtained from deep tissue samples in reflection mode. OA images obtained from real tissue in reflection mode are prone to various sources of image background that do not allow to reach the theoretical imaging depth of several centimeters. In the proposed method, information is extracted from deformation of the investigated tissue during combined OA and echo-ultrasound imaging that allows one to differentiate between true OA sources and image background. Because the presented method is computationally inexpensive, it can be implemented in a real-time combined imaging device and shows very promising for OA imaging of large tissue samples, such as the human breast.
